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Abstract: In vivo tissue engineering uses the body as a bio-

reactor for tissue regeneration, thus placing stringent require-

ments on tissue scaffolds, which should be mechanically

robust for immediate implantation without a long in vitro cell

culture time. In addition to mechanical strength, vascular

grafts fabricated for in vivo tissue engineering approach

must have matching mechanical properties to the target tis-

sues to avoid compliance mismatch, which is one of the rea-

sons for graft failure. We recently synthesized a new

generation of strong and elastic biodegradable crosslinked

urethane-doped polyesters (CUPE) to address the challenge

of developing soft, elastic yet strong biodegradable poly-

mers. This study evaluated the tensile strength, burst pres-

sure, and suture retention of CUPE biphasic scaffolds to

determine if the scaffolds met the requirements for immedi-

ate implantation in an in vivo tissue engineering approach. In

addition, we also examined the hemocompatibility and

inflammatory potential of CUPE to demonstrate its potential

in serving as a blood-contacting vascular graft material. Ten-

sile strength of CUPE biphasic scaffolds (5.02 6 0.70 MPa)

was greater than native vessels (1.43 6 0.60 MPa). CUPE

scaffolds exhibited tunable burst pressure ranging from 1500

mmHg to 2600 mmHg, and adequate suture retention values

(2.45 6 0.23 N). CUPE showed comparable leukocyte activa-

tion and whole blood clotting kinetics to poly(L-lactic acid)

PLLA. However, CUPE incited a lesser release of inflamma-

tory cytokines and was found to be non hemolytic. Combined

with the mechanical properties and previously demonstrated

anti-thrombogenic nature, CUPE may serve as a viable graft

material for in vivo blood vessel tissue engineering. VC 2010

Wiley Periodicals, Inc. J Biomed Mater Res Part A: 95A: 361–370, 2010.
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INTRODUCTION

Native vasculature in the form of autologous arteries and
veins in combination with bypass procedures remains the pri-
mary treatment modality for coronary artery and peripheral
vascular disease.1–3 However, one-third of patients requiring
bypass procedures lack these conduits due to prior surgery or
disease related degeneration.3 Combined with the fact that
cardiovascular disease still remains the primary cause of
death in the United States,4 the shortage of autologous vascu-
lar conduits highlights an urgent need for suitable substitutes.

Non-biodegradable synthetics like Dacron and ePTFE
have demonstrated reasonably acceptable degrees of suc-
cess as long term substitutes for larger and midsized ves-
sels.5 However, these materials produce severe thrombotic
complications when used as small diameter vessel (<5
mm) replacements and are rapidly occluded.2 Different
surface modification techniques have been implemented to
improve the hemocompatibility of these synthetic grafts,
including denucleation,6 albuminization,7 radio-frequency

glow discharge (RFGD) modifications,8 and heparin immo-
bilization.9 Despite these modifications, Dacron and ePTFE
are unable to remain patent over long term in a <5 mm
configuration.

Different tissue engineering approaches have been exam-
ined for engineering a small diameter blood vessel (SDBV).
Theoretically, the use of decellularized matrices of allo-
genic10,11 or xenogenic12,13 origin is advantageous because
they preserve the micro-architecture and composition of the
vascular tissue and provide site specific remodeling and
regeneration.5 In addition, the presence of extracellular ma-
trix would contribute to scaffold strength and make these
grafts more suited to immediate implantation after cell
seeding. However, studies have indicated that the ultimate
tensile strength, elasticity, and compliance of these scaffolds
is compromised due to shrinkage caused by tissue proteo-
glycans loss during detergent treatment.14 The resulting
compliance mismatch results in intimal hyperplasia, aneu-
rysm formation, and eventually graft failure.15 Naturally
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available biomaterials like collagen,16 fibrin,17 chitosan, and
hyaluronic acid18 have also been used with limited success
because of insufficient mechanical properties.19

Synthetic polymeric matrices made of biodegradable
polymers like polyglycolic acid (PGA),20–22 polylactic acid
(PLA),23 co-polymers of PLA-PGA,24 polycaprolactone
(PCL),25–27 polyhydroxyalkanoates (PHA),28 and biodegrad-
able polyurethane29 have been used for vascular tissue engi-
neering. L’heureux et al. also proposed and successfully
demonstrated the feasibility of a novel, completely biological
approach to tissue engineering vascular grafts, which com-
prised of wrapping sheets of cells around a cylindrical man-
drel.30,31 Nevertheless, the success of most of these
approaches has been limited by complications related to
inadequate mechanical properties, thrombosis, lack of cellu-
lar remodeling, and long in vitro cell culture times prior to
implantation.

For a tissue engineered vascular graft (TEVG) to be suc-
cessful, it must emulate the mechanical and biological prop-
erties of a native blood vessel.32 To be mechanically func-
tional, the synthetic TEVG should satisfy the following
requirements (a) The TEVG should possess the strength to
withstand arterial pressure and provide adequate suture
retention strength;14,33 (b) The TEVG should be soft and
elastic to be mechanically similar to native blood vessels.
This is necessary to prevent compliance mismatch at the
site of anastomosis, which is one of the major reasons for
graft failure.34 Combined with the need for reduced in vitro
processing time, much of the research in vascular tissue en-
gineering in recent years has concentrated on developing
vascular scaffolds with the necessary strength, compliance,
and bioactivity for immediate implantation after cell seed-
ing. In particular, scaffold fabrication techniques like electro-
spinning27,35–39 and phase separation40 have been exten-
sively used to produce compliant nano-fibrous elastic
tubular scaffolds with a wide assortment of biomaterials
which include polyurethane,29 polydioxanone,38,39 blends of
polycaprolactone with collagen and elastin,27,41 and polycap-
rolactone-polylactide co-polymers.37

Apart from utilizing new processing techniques to match
compliance between synthetic and native grafts, much effort
has also been spent on the development of new synthetic,
biodegradable, and biocompatible elastic polymers or elasto-
mers,42 whose properties may be modified by varying dif-
ferent reaction parameters to match that of native vascula-
ture. Biodegradable elastomers such as poly(1,8-octanediol
citrate) (POC)43 and poly(glycerol sebacate) (PGS)44 exhibit
excellent biocompatibility45,46 and hemocompatibility.46,47 In
particular, the excellent hemocompatibility of POC was
exploited to reduce thrombogenicity and enhance endothe-
lial cell compatibility of ePTFE grafts in vivo.48 Despite
excellent biological functionality, which includes reduced
inflammatory cytokine expression, lower platelet activation
and adhesion, and reduced tendency for clot formation, POC
and PGS have insufficient mechanical properties when fabri-
cated into scaffolds.

Recently, we developed cross-linked urethane-doped pol-
yesters (CUPEs),49 a new generation of biodegradable elastic

polymers based on POC, for vascular tissue engineering
applications. The rationale behind the synthesis of CUPE
was to develop a high mechanical strength elastomer, which
could be translated into a mechanically robust scaffold to
overcome the deficiencies of existing elastic scaffolds. In our
previous work, we demonstrated that under similar poly-
merization conditions, CUPE is almost 20 times as strong as
POC. Hence, it is expected that scaffolds fabricated from
CUPE will have adequate strength to withstand arterial
pressures, retain sutures, and be more suited to immediate
implantation than POC scaffolds. Previously, we also studied
the interaction of platelets with CUPE. It was found that
CUPEs adhered and activated lesser platelets compared to
PLLA. However, further studies aimed at exploring interac-
tion of CUPE with whole blood and other specific blood
components are necessary to demonstrate that the doping
of urethane bonds in the network structure of POC does not
compromise its hemocompatibility.

In the present study, we focus on characterizing the me-
chanical properties of CUPE vascular scaffolds and their
interaction with different blood components. Specifically, the
CUPE scaffolds are characterized in terms of burst pressure,
tensile properties, and suture retention. The influence of
CUPE on leukocyte activation and subsequent cytokine
expression, hemolysis and whole blood clotting has also
been explored.

MATERIALS AND METHODS

Materials
LDH-Cytotoxicity Assay Kit, was purchased from Biodivision
(Mountain View, CA). Reagents for flow cytometry analysis
including CD42a R-phycoerythrin (R-PE)-conjugated mouse
anti-human monoclonal antibodies, CD62p allophycocyanin
(APC)-conjugated mouse anti-human monoclonal antibodies,
CD45 APC-conjugated mouse anti-human monoclonal antibod-
ies, CD 11b/Mac-1 PE-conjugated mouse anti-human monoclo-
nal antibodies, Human TNF and IL-1b Cytometric Bead Array
(CBA) were purchased from Becton Dickinson Biosciences (San
Jose, CA). All chemicals were purchased from Sigma-Aldrich (St.
Louis, MO), and used as received unless otherwise specified.
Dulbecco’s Phosphate-Buffered Saline (PBS, pH ¼ 7.4) was pur-
chased from Invitrogen (Carlsbad, CA). Gluteraldehyde buffer
had 2.5% (w/v) gluteraldehyde in PBS, pH ¼ 7.4. Triton-PSB
buffer contained 2% (v/v) Triton X-100 in PBS, pH ¼ 7.4.

Sample preparation
CUPE was synthesized as previously described.49 Briefly, citric
acid and 1, 8-octane diol (1:1.1 molar ratio) were added to a
clean round bottom flask and melt polymerized to form a clear
pre-polymer. The pre-polymer was purified and re-dissolved to
make a 3% (w/w) solution in anhydrous 1,4-dioxane. 1,6-Hex-
amethylene diisocyanate (HDI) was added to the pre-polymer
solution (1:0.9, pre-polymer:HDI mol %). Stannous octoate
was used as catalyst. At pre-defined time intervals, a small
amount of the reaction mixture was removed for Fourier trans-
form infra-red spectroscopy (FT-IR) analysis. The reaction was
allowed to progress at 55�C, till FT-IR results indicated that all
the isocyanate was used up.
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Tubular scaffold fabrication
A biphasic CUPE scaffold was prepared as per previously
described methods.45 The non-porous phase was created by
dip coating a glass rod (outer diameter 3 mm) in a 3% solu-
tion (wt/wt) of CUPE0.9 in 1,4-dioxane. The thickness of
the coating was controlled by varying the number of coats
applied. Once a desired thickness was reached, the pre-poly-
mer coated glass rods were air dried for 12 h and subse-
quently cross linked for 12 h in an oven maintained at
80�C. The porous phase comprised of a 3% (wt/wt) solu-
tion of CUPE0.9 in 1,4-dioxane mixed with salt (150–250
lm) in a 1:9 ratio by weight. The resulting mixture was
stirred to facilitate solvent evaporation till a viscous slurry
was obtained. The biphasic scaffold was prepared by casting
the slurry into tubular poly(tetrafluorethylene) molds (Inner
diameter ¼ 6 mm) followed by insertion of the partially
polymerized non-porous phase comprising of the glass rod
with the pre-polymer coats, concentrically into the mold.
The entire construct was allowed to air dry and then poly-
merized at 80�C for 4 days. Salt in the porous phase was
leached out by incubation with DI water (Millpore Q water
purification system; Millipore, Billerica, MA) for 4 days. The
DI water was changed every 12 h. The scaffold was
demolded from the glass rod by swelling in an ethanol–
water (50% w/w) mixture and subsequently freeze dried
for 48 h to remove all traces of water. Scaffold morphology
was examined by scanning electron microscopy (SEM) (Hita-
chi S-3000N, Hitachi Science Systems, Ibaaki, Japan).

Mechanical properties
Tensile testing and suture retention tests were carried out
on the biphasic scaffolds. A purely porous salt leached scaf-
fold was used as control. All mechanical testing was carried
out on a MTS Insight2 mechanical tester (MTS System, Min-
neapolis, MN) fitted with a 10 N load cell (Model 569326-
01, MTS System, Minneapolis, MN). A sample size of n ¼ 5
was used for all the following tests.

For tensile tests, the scaffolds were cut into rectangular
strips and their dimensions were recorded using a digital
caliper. The samples were mounted in the testing device
and elongated to failure at a deflection rate of 500 mm/
min. The stress–strain curves were plotted using the meas-
ured load-displacement data. The peak stress and strain
was designated as the maximum stress and corresponding
strain before failure. The initial modulus was evaluated
from the slope of the stress–strain curve at 10% elongation.

Suture Retention was tested as per previously described
methods.40 Briefly, the scaffolds were cut into rectangular
specimens with 15 � 6 mm (length � width) dimensions.
At 2 mm from the short edge of the rectangular segment, a
Prolene 5-0 suture (Ethicon) was inserted and tied to form
a loop. One set of clamps of the tensile tester was used to
secure the sample and the second set was used to clamp
and pull the looped suture at a deflection rate of 2 mm/s,
till suture pull out occurred. The peak load recorded was
reported as the suture retention strength.

Since the non porous segment of the biphasic scaffold is
responsible for the mechanical integrity of the scaffold,

burst pressure testing was carried out on non porous CUPE
tubes of different thickness and 3 mm inner diameter, using
previously described techniques.45 Briefly, one end of the
CUPE tube was connected to a digital pressure gauge (VWR
International) and the other end was connected to a 60 mL
syringe. The syringe was filled with phosphate buffered sa-
line and mounted on a Infusion/Withdrawal pump (Harvard
Apparatus, Millis, MA) which had been pre-programmed
with an output rate of 0.67 mL/min. The burst pressure
was recorded as the maximum pressure measured by the
gauge before the solid CUPE tube burst.

Whole blood collection
All methods related to collection and handling of whole
blood and blood components like were approved by the
Institutional Review Board at the University of Texas at
Arlington. Acid citrate dextrose (ACD) anticoagulant contain-
ing tubes were used to collect blood drawn from healthy
individuals by venipuncture and used immediately.

Whole blood clotting time
Kinetic whole blood clotting time was used to evaluate the
thromboresistant properties of CUPE.50 Briefly, 850 lL
CaCl2 (0.1M) was added to 8.5 mL ACD blood to initiate the
clotting reaction; 100 lL re-calcified blood was immediately
added on top of CUPE, PLLA, TCP, and glass discs and incu-
bated at room temperature for 10, 30, and 60 min. At the
end of incubation time, the samples were treated with 3 mL
of DI water for 5 min to lyse the unclotted red blood cells.
The hemoglobin released from lysed red blood was meas-
ured at 540 nm absorbance using a microplate reader (Infi-
nite M200, Tecan, Switzerland). The absorbance values were
plotted versus the blood contacting time.

Leukocyte activation
The activation of leukocytes was measured by flow cytome-
try; 100 lL of whole blood was incubated with CUPE, PLLA,
or TCP samples for 1 h at 37�C. Following incubation, the
whole blood samples were treated with 10 lL APC-conju-
gated mouse anti-human CD45 monoclonal antibodies and
20 lL PE-conjugated mouse anti-human CD11b monoclonal
antibodies for 30 min at room temperature in darkness.
CD45 is the leukocyte maker while CD11b is used as an
activated leukocytes maker. The red blood cells in the whole
blood were lysed using 1� FACS lysing solution. The anti-
bodies conjugated leukocytes were fixed with 1% parafor-
maldehyde and analyzed with FACSarray bioanalyzer. Five
thousand leukocytes were acquired and their mean values
of yellow fluorescence density (PE), corresponding to
CD11b were calculated. These values were compared with
that from the PLLA group, which is set to 100% as a control
group.

Inflammatory cytokine release
The inflammatory cytokines IL-1b and TNF-a were meas-
ured using Cytometric Bead Array (CBA). Briefly, CUPE,
PLLA, and TCP samples were treated with 100 lL of whole
blood for 1 h at 37�C. After incubation, the blood was
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collected and centrifuged at 2000g for 10 min. The superna-
tant was carefully aspirated to obtain the platelet poor
plasma (PPP). Concentrations of released IL-1b and TNF-a
in the PPP were measured using Human TNF Flex Set and
Human IL-1b Flex Set (Becton Dickinson Biosciences, San
Jose, CA) following the manufacturer’s instructions. Briefly,
two single bead populations with distinct fluorescence in-
tensity and capture antibodies against IL-1b or TNF-a were
incubated with the PPP samples. The bead population was
resolvable in the FACSarray bioanalyzer based on their posi-
tion. PE-conjugated antibodies against IL-1b or TNF-a were
further incubated with the beads and analyzed with FACSar-
ray bioanalyzer. IL-1b and TNF-a standard of known con-
centration were measured for calibration. The concentration
of IL-1b and TNF-a were calculated based on the yellow flu-
orescence intensity (PE) and the bead numbers using the
software provided with the assay.

Hemolysis
The percentage of biomaterial-mediated hemolysis is quanti-
fied using an established method;51 200 lL of fresh ACD
blood was diluted in 10 mL 0.9% saline; 200 lL diluted
blood was incubated with each polymer sample for 2 h at
37�C under gentle agitation. Saline diluted blood (0.9%)
without polymer contact served as negative controls (NC),
and 200 lL whole blood diluted with DI water served as
positive control (PC). After incubation, the polymer samples
(PS) were carefully removed and the blood samples were
centrifuged at 1000g for 10 min. The supernatant was
transferred to a 96 well plate and the absorbance (Abs) was
measured at 545 nm. Percentage hemolysis was calculated
for each polymer using the following equation.

%Hemolysis ¼ AbsPSAbsNC=AbsPC � 100 (1)

Statistical analysis
All results were presented as mean 6 standard deviation.
Statistical significance between data sets was established
with two-tail Student’s t-test. A p value <0.05 was consid-
ered to be significant.

RESULTS AND DISCUSSION
The need for suitable small diameter vascular replacements
for cardiovascular reconstructive procedures like coronary
bypass and lower limb bypass was realized as early as the
1980s.52,53 However, even after 3 decades of research, the
clinical application of small diameter vascular grafts has not
been achieved. One of the primary reasons for the failure of
synthetic small diameter vascular grafts is their inability to
mimic the complex aspects of the biomechanical nature of
native blood vessels, in particular their ultimate strength,
burst pressure, or their viscoelasticity.54

In addition to cellular remedies, graft maturation can
also be further progressed by using biodegradable scaffolds
which are inherently strong and do not rely on extracellular
matrix deposition for initial strength. Such a scaffold may be
seeded with autologous cells, followed by immediate im-

plantation at the target site. In addition to providing off the
shelf availability, this technique would also theoretically
enable site specific remodeling of the graft in vivo.

Present synthetic TEVG fabrication approaches utilize
the scaffold to provide initial support and a three-dimen-
sional matrix for cells to lay down ECM. At the end of graft
maturation, the scaffold would have ideally degraded leav-
ing behind a wholly biological living graft comprised of ECM
proteins and cells for implantation. The cell-seeded scaffold
is directly implanted at the target site, further concerns
with respect to material–blood interaction need to be
addressed.

From our discussion thus far, it is apparent that the suc-
cess of a vascular graft is largely dependent on selecting a
scaffold material which has the strength to withstand hemo-
dynamic pressures and is also, viscoelastic in nature from a
mechanical property standpoint. In addition, the material
must also be non-thrombogenic in nature to prevent graft
occlusion. We were previously able to demonstrate that
CUPE in its film state possessed high tensile strength and
good material-platelet characteristics.49 In this study, we
tested and characterized CUPE scaffolds in terms of their
mechanical properties and conducted further material–
blood interaction studies with CUPE films to establish its
eligibility as a vascular graft scaffold material.

Scaffold morphology
A biphasic scaffold design composed of a non porous inner
lumen and a concentric porous outer scaffold, as proposed
by Yang et al.45 was used for evaluating CUPE scaffold prop-
erties. As previously demonstrated, this design allows the
advantages of simultaneous seeding of smooth muscle cells
and endothelial cells and subsequent compartmentalization
of both cell types. From Figure 1(A), it can be seen that
CUPE could easily be fabricated into tubular biphasic scaf-
folds. The inner non porous lumen had a thickness of
100.04 6 12.61 lm, while the outer porous segment was
1362.34 6 30.81 lm thick. The thickness of the inner
lumen could be varied by varying the number of CUPE coat-
ings applied. The inner diameter of the scaffold was
3057.48 6 192.90 lm and the porous segment had pores of
dimensions 221.21 6 26.96 lm [Fig. 1(B)].

Mechanical properties
As already discussed, the mechanical properties of the scaf-
fold used for vascular reconstruction and its similarity to
biomechanics of native blood vessels plays a major role in
determining graft patency.55,56 Previous attempts at utilizing
vascular substitutes has demonstrated that intimal hyper-
plasia at the site of the anastomosis is one of the primary
causes of graft occlusion and failure.57–59 Although the exact
causes governing hyperplasia formation are unclear, clinical
evidence has suggested that improved patency rates are
achievable by closely matching the mechanical properties of
the bypass graft with the target vessel to be replaced.60

Hence, the vascular scaffolds should be soft and elastic to
better approximate native blood vessels.
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We previously found that doping urethane bonds into
the polyester network of poly(diol citrates) resulted in a
material which had the biodegradable, soft, and elastic na-
ture of crosslinked polyesters and the strong mechanical
strength of linear polyurethanes. The tensile strength of the
resultant CUPE films varied from 14.60 6 1.00 MPa to
41.07 6 6.85 MPa and corresponding break elongations of
up to 337.00 6 6.00% were obtained under the synthesis
conditions investigated.49

Tensile tests were conducted on salt leached CUPE scaf-
folds and biphasic scaffolds to determine if they were strong
enough to function as vascular grafts. As seen from Figure
2(A), the presence of a non porous thin film made the bipha-
sic CUPE scaffold significantly stronger than the CUPE salt
leached scaffold. Peak tensile stress values of the biphasic
scaffold and the salt leached scaffold were 5.02 6 0.70 MPa
and 0.57 6 0.18 MPa, respectively. Similar tensile tests previ-
ously conducted on the different layers of coronary arteries
revealed that the adventitial layer of these vessels had ulti-
mate tensile stress values or 1.43 6 0.60 MPa.61 In addition
to higher tensile properties, the non porous phase of the
biphasic scaffold was also responsible for a higher elastic

modulus [Fig. 2(B)] and decreased elasticity [Fig. 2(C)], as
compared to the CUPE salt leached scaffold. Moreover, the
elastic modulus of these biphasic scaffolds (3.45 6 0.90 MPa)
was similar to that of radial arteries (2.686 1.81 MPa).62 The
stress–strain curves of scaffolds are characteristic of elasto-
mer [Fig. 2(D)]. Since, the elastic modulus of elasticity pro-
vides information directly related to properties of the vessel
wall, the close matching of this parameter between the scaf-
fold and target site is essential for compliance.

The burst pressure of a TEVG is a measure of vessel
strength and is therefore a key parameter which determines
the suitability of a vascular graft for implantation.63 As all re-
sistance to arterial blood pressure in the biphasic scaffold is
mainly provided by the non porous segment, burst pressure
tests were conducted with solid non porous CUPE tubes. Tu-
bular burst pressure was found to increase with increasing
thickness of the non porous tubes (Fig. 3). For similar poly-
merization conditions and tube dimensions, non porous
CUPE tubes had higher burst pressure values than non po-
rous POC tubes.45 CUPE tubes with wall thickness 160.58 lm
had burst pressures in excess of 1500 mmHg, whereas POC
tubes with thickness in excess of 400 lm had burst pressure
values below 1000 mmHg. CUPE tubes with 383.96 lm wall
thickness exhibited a burst pressure value of 2602.50 6
157.68 mmHg. It has been reported that saphenous veins and
mammary arteries, which are the current ‘‘gold standard’’ vas-
cular prostheses have burst pressure values of 1599 6 877
mmHg63 and 4225 6 1368 mmHg,64 respectively. Thus, by
simply varying the thickness of the internal non porous seg-
ment, we could fabricate vascular grafts which accurately
match the burst pressures of the vessels being replaced.

For implantation, in addition to demonstrating sufficient
burst pressure, it is critical that the conduit can be
sutured.13 Both CUPE scaffolds and biphasic scaffolds had
adequate suture retention strength values of 1.96 6 0.31 N
and 2.45 6 0.23 N, respectively (Fig. 4). These values are
significantly higher than the reported values of 1.20 6 0.23
N required for suturing arterial vascular grafts64 and pro-
vide further evidence that CUPE biphasic scaffolds possess
sufficient mechanical properties to be implanted directly
without any long term cellular re-modeling in vitro.

Whole blood clotting kinetics
Formation of a blood clot or coagulation is a complicated pro-
cess which involves the activation of a cascade of coagulation
factors. The intrinsic pathway of coagulation is initiated by
surface mediated reactions and hence, determining the rate
of clot formation after material contact enables us to evaluate
the tendency of the material to promote thrombus formation.
Evaluation of whole blood clotting kinetics also assumes sig-
nificance when it is taken into account that, coagulation, pla-
telet activation, and subsequent inflammation are interde-
pendent processes. Higher absorbance values in this assay
indicated that lesser number of red blood cells were involved
in clot formation and therefore, corresponded to reduced
coagulation. As shown in Figure 5, the absorbance measured
from whole blood treated with PLLA, CUPE, glass, and TCP,
kept decreasing till 60 min after material contact, indicating

FIGURE 1. Cross-section of CUPE biphasic scaffold with non porous

inner phase and porous outer phase (A). High magnification image

showing pore structure of porous phase and seamless integration of

the two phases (B). Magnification: (A) 20� and (B) 80�.
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the formation of an incomplete thrombus. On the other hand,
complete thrombus formation took place within 30 min on
glass. Compared to PLLA, no significant difference was found,
in the clotting rate with respect to CUPE at each time point
(p > 0.05, n ¼ 8). This indicated that CUPE has similar to or a
little better thromboresistant properties than PLLA, which is
a FDA approved material. The thromboresistant properties of
CUPE may be attributed to uses of citric acid, which is used
as a commercial anticoagulant, as one of the monomers in the
polymer network.

Leukocyte activation
Implanted biomaterials elicit an acute inflammatory
response, due to the irreversible adsorption of fibrinogen
on the material surface; this leads to the attraction of and
interaction with inflammatory cells on the implant.65 Acti-
vated leukocytes show the up regulation of several distinct
membrane protein receptors which allow them to bind to
platelets and endothelium during the inflammatory pro-

cess.66 CD11b macrophage-1 antigen (Mac-1) is a membrane
glycoprotein expressed on activated leukocytes, including
lymphocytes, monocytes, granulocytes, and a subset of natu-
ral killer (NK) cells. CD11b functions in cell–cell and cell–
substrate interactions, mediates inflammation by regulating
leukocyte adhesion and migration, and has also been impli-
cated in immune responses such as phagocytosis, cell-medi-
ated cytotoxicity, chemotaxis, and cellular activation.67 The
expression of CD11b/Mac-1 was used to determine the
degree of leukocyte activation.68 In our study, no significant
difference in CD11b expression on leukocytes was found
between CUPE and PLLA, suggesting that CUPE could have
similar inflammation as PLLA when implanted (Fig. 6). The
inflammation responses were also assessed by measuring
the concentration of inflammatory cytokines.

Cytokine (IL-1b and TNF-a) release
The inflammatory response generated by a biomaterial is
also dependent on cytokines, which serve as signaling

FIGURE 2. Comparison of mechanical properties of salt leached CUPE scaffold with CUPE biphasic scaffold under similar polymerization condi-

tions (80�C, 4 days). Biphasic scaffold demonstrated higher tensile stress (A), modulus (B), and lower elongation (C). The stress–strain curves of

CUPE biphasic scaffold and salt-leached scaffold are characteristic of elastomers (D). N ¼ 6 for both biphasic scaffold and control. ** Corre-

sponds to p < 0.01. [Color figure can be viewed in the online issue, which is available at wileyonlinelibrary.com.]
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proteins. Cytokines are produced by a wide variety of hema-
topoietic and non-hematopoietic cell types. Tumor necrosis
factor alpha (TNF-a) and interleukin 1 beta (IL-1b) are two
of the best known pro-inflammatory cytokines. In the ab-
sence of exogenous stimuli, they are primarily released by
activated monocytes and macrophages, at low concentra-
tions in the blood. However, upon activation, there is an
increase in the synthesis and release of these cytokines
from the leukocytes. The higher cytokine concentration goes
on to further influence the inflammatory process.69 Both,
TNF-a and IL-1b are associated with the up regulation of
complimentary adhesion molecules on the vascular endothe-
lium and leukocytes in the vicinity of vascular damage.
Measured concentration of these cytokines has been exten-
sively used previously as hemocompatibility markers.47,51,70

In this study, CUPE exposed blood samples had significantly
lower concentration of TNF-a (4.89 6 1.52 pg/mL, p <

0.05, n ¼ 7) compared to PLLA treated blood samples
(10.15 6 3.03 pg/mL) [Fig. 7(A)]. PLLA samples also
released a higher concentration of IL-1b (11.58 6 1.86 pg/
mL) compared to CUPE samples (5.48 6 2.16 pg/mL, p <

0.05, n ¼ 7) [Fig. 7(B)].
The degree of leukocyte activation combined with the

release of cytokines provides an insight into the ability of
the polymer surfaces to initiate an inflammatory response.
Although flow cytometry analysis revealed similar degrees
of leukocyte activation, the lower cytokine concentrations
indicate that a less intense inflammatory response is elicited
by CUPE compared to PLLA.

Hemolysis
Hemolysis analysis was conducted to quantify the potential of
CUPE to damage red blood cells. The concentration of which
was released by damaged red blood cells was measured pho-
tospectrometrically and was correlated to material toxicity on

FIGURE 3. Effect of non porous tubular wall thickness on measured

burst pressure of CUPE tubes (80�C, 4 days) (N ¼ 4–8). Burst pressure

of tubes increased with increasing wall thickness.

FIGURE 4. Suture retention strength of biphasic CUPE scaffolds. Salt

leached CUPE scaffold served as control. ** Corresponds to p < 0.01.

N ¼ 5 for both biphasic scaffold and control.

FIGURE 5. The effect of CUPE, PLLA, TCP, and glass on initiating clot-

ting in whole blood at different time points. Higher absorbance corre-

sponds to greater number of free blood cells and hence lesser

tendency of the material to initiate thrombus formation. * and ** cor-

respond to p < 0.05 and p < 0.01, respectively, compared to PLLA.

FIGURE 6. Assessment of leukocyte activation in whole blood by

measuring MAC-1 antigen expression using flow cytometry. # corre-

sponds to a p value >0.05. N ¼ 8 for all groups.
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the red blood cells.71 As shown in Figure 8, biomaterial-medi-
ated hemolysis was found to be <0.5% for both CUPE and
PLLA, with no significant difference between them. Neither
CUPE nor PLLA were observed to promote hemolysis. The
results were similar to the previously reported POC that POC
also does not promote hemolysis.51 Taken the above hemo-
compatibility evaluation of CUPE together, it could be con-
cluded that doping urethane into polyester network did not
compromise the hemocompatibility of polymers.

CONCLUSION

In this focused study, we assessed the mechanical properties
and hemocompatibility of CUPE to evaluate effectiveness as
a prospective vascular graft material. Specifically, the me-
chanical properties of CUPE scaffolds in terms of their ten-
sile strength, burst pressure, and suture retention were
studied. CUPE scaffolds were found to exhibited similar ten-

sile strength, tunable burst pressure, and suture retention
properties as native veins and arteries. We further evaluated
the hemocompatibility of CUPE in vitro, by assessing blood
clotting characteristics, leukocyte activation, inflammatory
cytokine release, and red blood cell hemolysis. The data col-
lected showed that CUPE is less prone to thrombosis and
inflammation, compared to PLLA. CUPE also does not trig-
ger severe hemolysis. The vessel like mechanical properties
combined with the reduced tendency to cause thrombosis
makes CUPE an excellent candidate for immediate implanta-
tion in in vivo vascular tissue engineering. Future studies
include assessing the effect of CUPE on blood in a dynamic
flow setting and evaluating the behavior of CUPE tubular
scaffolds in vivo.

REFERENCES
1. Conte MS. The ideal small arterial substitute: A search for the

Holy Grail? FASEB J 1998;12:43–45.

2. Teebken OE, Haverich A. Tissue engineering of small diameter

vascular grafts. Eur J Vasc Endovasc Surg 2002;23:475–485.

3. Baguneid MS, Seifalian AM, Salacinski HJ, Murray D, Hamilton G,

Walker MG. Tissue engineering of blood vessels. Br J Surg 2006;

93:282–290.

4. Rosamond W, Flegal K, Furie K, Go A, Greenlund K, Haase N,

Hailpern SM, Ho M, Howard V, Kissela B, Kittner S, Lloyd-Jones

D, McDermott M, Meigs J, Moy C, Nichol G, O’Donnell C, Roger

V, Sorlie P, Steinberger J, Thom T, Wilson M, Hong Y. Heart dis-

ease and stroke statistics–2008 update: A report from the Ameri-

can Heart Association Statistics Committee and Stroke Statistics

Subcommittee. Circulation 2008;117:e25–e146.

5. Xue L, Greisler HP. Biomaterials in the development and future of

vascular grafts. J Vasc Surg 2003;37:472–480.

6. Boswell CA, Williams SK. Denucleation promotes neovasculariza-

tion of ePTFE in vivo. J Biomat Sci Polym Ed 1999;10:319–329.

7. Katz DA, Haimovich B, Greco RS. Neutrophil activation by

expanded polytetrafluoroethylene is dependent on the induction

of protein phosphorylation. Surgery 1994;116:446–454.

8. Chevallier P, Janvier R, Mantovani D, Laroche G. In vitro biologi-

cal performances of phosphorylcholine-grafted ePTFE prostheses

through RFGD plasma techniques. Macromol Biosci 2005;5:

829–839.

9. Begovac PC, Thomson RC, Fisher JL, Hughson A, Gallhagen A.

Improvements in GORE-TEX vascular graft performance by Car-

meda BioActive surface heparin immobilization. Eur J Vasc Endo-

vasc Surg 2003;25:432–437.

FIGURE 7. The amount of TNF-a (A) and IL-1b (B) released by leukocytes upon incubation of whole blood with PLLA, CUPE, and TCP samples,

as determined by flow cytometry. * Corresponds to p < 0.05 compared to PLLA and ** indicates a p < 0.01 compared to PLLA.

FIGURE 8. Percentage hemolysis of red blood cells after incubation of

whole blood with PLLA and CUPE discs. Blood samples which did not

contact any polymer served as negative control (NC) and completely

hemolyzed blood in DI water was the positive control (PC). ** Corre-

sponds to a p < 0.01 compared to positive control. N ¼ 8 for all groups.

368 DEY ET AL. CROSSLINKED URETHANE DOPED POLYESTER BIPHASIC SCAFFOLDS



10. Dardik H, Ibrahim IM, Sussman B, Kahn M, Sanchez M, Klausner

S, Baier RE, Meyer AE, Dardik II. Biodegradation and aneurysm

formation in umbilical vein grafts. Observations and a realistic

strategy. Ann Surg 1984;199:61–68.

11. Dardik H. The second decade of experience with the umbilical

vein graft for lower-limb revascularization. Cardiovasc Surg 1995;

3:265–269.

12. Kaushal S, Amiel GE, Guleserian KJ, Shapira OM, Perry T, Suther-

land FW, Rabkin E, Moran AM, Schoen FJ, Atala A, Soker S,

Bischoff J, Mayer JE, Jr. Functional small-diameter neovessels

created using endothelial progenitor cells expanded ex vivo. Nat

Med 2001;7:1035–1040.

13. Huynh T, Abraham G, Murray J, Brockbank K, Hagen PO, Sullivan

S. Remodeling of an acellular collagen graft into a physiologically

responsive neovessel. Nat Biotechnol 1999;17:1083–1086.

14. Isenberg BC, Williams C, Tranquillo RT. Small-diameter artificial

arteries engineered in vitro. Circ Res 2006;98:25–35.

15. Nemcova S, Noel AA, Jost CJ, Gloviczki P, Miller VM, Brockbank

KG. Evaluation of a xenogeneic acellular collagen matrix as a

small-diameter vascular graft in dogs–preliminary observations.

J Invest Surg 2001;14:321–330.

16. Seliktar D, Black RA, Vito RP, Nerem RM. Dynamic mechanical

conditioning of collagen-gel blood vessel constructs induces

remodeling in vitro. Ann Biomed Eng 2000;28:351–362.

17. Grassl ED, Oegema TR, Tranquillo RT. Fibrin as an alternative bio-

polymer to type-I collagen for the fabrication of a media equiva-

lent. J Biomed Mater Res A 2002;60:607–612.

18. Arrigoni C, Camozzi D, Imberti B, Mantero S, Remuzzi A. The

effect of sodium ascorbate on the mechanical properties of hya-

luronan-based vascular constructs. Biomaterials 2006;27:623–630.

19. Couet F, Rajan N, Mantovani D. Macromolecular biomaterials for

scaffold-based vascular tissue engineering. Macromol Biosci

2007;7:701–718.

20. Niklason LE, Gao J, Abbott WM, Hirschi KK, Houser S, Marini R,

Langer R. Functional arteries grown in vitro. Science 1999;284:

489–493.

21. Shinoka T, Shum-Tim D, Ma PX, Tanel RE, Isogai N, Langer R,

Vacanti JP, Mayer JE, Jr. Creation of viable pulmonary artery

autografts through tissue engineering. J Thorac Cardiovasc Surg

1998;115:536–545; discussion 545–546.

22. Brennan MP, Dardik A, Hibino N, Roh JD, Nelson GN, Papademit-

ris X, Shinoka T, Breuer CK. Tissue-engineered vascular grafts

demonstrate evidence of growth and development when

implanted in a juvenile animal model. Ann Surg 2008;248:

370–376.

23. van der Lei B, Bartels HL, Nieuwenhuis P, Wildevuur CR. Micropo-

rous, complaint, biodegradable vascular grafts for the regenera-

tion of the arterial wall in rat abdominal aorta. Surgery 1985;98:

955–963.

24. Watanabe M, Shin’oka T, Tohyama S, Hibino N, Konuma T, Mat-

sumura G, Kosaka Y, Ishida T, Imai Y, Yamakawa M, Ikada Y,

Morita S. Tissue-engineered vascular autograft: Inferior vena cava

replacement in a dog model. Tissue Eng 2001;7:429–439.

25. Iwai S, Sawa Y, Ichikawa H, Taketani S, Uchimura E, Chen G,

Hara M, Miyake J, Matsuda H. Biodegradable polymer with colla-

gen microsponge serves as a new bioengineered cardiovascular

prosthesis. J Thorac Cardiovasc Surg 2004;128:472–479.

26. Shin’oka T, Imai Y, Ikada Y. Transplantation of a tissue-engi-

neered pulmonary artery. N Engl J Med 2001;344:532–533.

27. Lee SJ, Liu J, Oh SH, Soker S, Atala A, Yoo JJ. Development of a

composite vascular scaffolding system that withstands physiolog-

ical vascular conditions. Biomaterials 2008;29:2891–2898.

28. Hoerstrup SP, Zund G, Sodian R, Schnell AM, Grunenfelder J,

Turina MI. Tissue engineering of small caliber vascular grafts. Eur

J Cardiothorac Surg 2001;20:164–169.

29. Soletti L, Hong Y, Guan J, Stankus JJ, El-Kurdi MS, Wagner WR,

Vorp DA. A bilayered elastomeric scaffold for tissue engineering

of small diameter vascular grafts. Acta Biomater 2009;6:110–122.

30. L’Heureux N, Paquet S, Labbe R, Germain L, Auger FA. A com-

pletely biological tissue-engineered human blood vessel. FASEB J

1998;12:47–56.

31. McAllister TN, Maruszewski M, Garrido SA, Wystrychowski W,

Dusserre N, Marini A, Zagalski K, Fiorillo A, Avila H, Manglano X,

Antonelli J, Kocher A, Zembala M, Cierpka L, de la Fuente LM,

L’Heureux N. Effectiveness of haemodialysis access with an auto-

logous tissue-engineered vascular graft: a multicentre cohort

study. Lancet 2009;373:1440–1446.

32. Vorp DA, Maul T, Nieponice A. Molecular aspects of vascular tis-

sue engineering. Front Biosci 2005;10:768–789.

33. Girton TS, Oegema TR, Grassl ED, Isenberg BC, Tranquillo RT.

Mechanisms of Stiffening and Strengthening in Media-Equiva-

lents Fabricated Using Glycation. J Biomed Eng 2000;122:216.

34. Haruguchi H, Teraoka S. Intimal hyperplasia and hemodynamic

factors in arterial bypass and arteriovenous grafts: A review.

J Artif Organs 2003;6:227–235.

35. Stitzel J, Liu J, Lee SJ, Komura M, Berry J, Soker S, Lim G, Van

Dyke M, Czerw R, Yoo JJ, Atala A. Controlled fabrication of a bio-

logical vascular substitute. Biomaterials 2006;27:1088–1094.

36. Xu CY, Inai R, Kotaki M, Ramakrishna S. Aligned biodegradable

nanofibrous structure: A potential scaffold for blood vessel engi-

neering. Biomaterials 2004;25:877–886.

37. Mo XM, Xu CY, Kotaki M, Ramakrishna S. Electrospun P(LLA-CL)

nanofiber: A biomimetic extracellular matrix for smooth muscle

cell and endothelial cell proliferation. Biomaterials 2004;25:

1883–1890.

38. Smith MJ, McClure MJ, Sell SA, Barnes CP, Walpoth BH, Simp-

son DG, Bowlin GL. Suture-reinforced electrospun polydioxa-

none-elastin small-diameter tubes for use in vascular tissue

engineering: A feasibility study. Acta Biomater 2008;4:58–66.

39. Sell SA, McClure MJ, Barnes CP, Knapp DC, Walpoth BH, Simp-

son DG, Bowlin GL. Electrospun polydioxanone-elastin blends:

Potential for bioresorbable vascular grafts. Biomed Mater 2006;1:

72–80.

40. Nieponice A, Soletti L, Guan J, Deasy BM, Huard J, Wagner WR,

Vorp DA. Development of a tissue-engineered vascular graft com-

bining a biodegradable scaffold, muscle-derived stem cells and a

rotational vacuum seeding technique. Biomaterials 2008;29:

825–833.

41. Pektok E, Nottelet B, Tille JC, Gurny R, Kalangos A, Moeller M,

Walpoth BH. Degradation and healing characteristics of small-di-

ameter poly(epsilon-caprolactone) vascular grafts in the rat sys-

temic arterial circulation. Circulation 2008;118:2563–2570.

42. Tran RT, Zhang Y, Dipendra G, Yang J. Recent developments on

citric acid derived biodegradable elastomers. Recent Pat Biomed

Eng 2009;2:216–227.

43. Yang J, Webb AR, Ameer GA. Novel citric acid-based biodegrad-

able elastomers for tissue engineering. Adv Mater 2006;16:

511–516.

44. Wang Y, Ameer GA, Sheppard BJ, Langer R. A tough biodegrad-

able elastomer. Nat Biotechnol 2002;20:602–606.

45. Yang J, Motlagh D, Webb AR, Ameer GA. Novel biphasic elasto-

meric scaffold for small-diameter blood vessel tissue engineering.

Tissue Eng 2005;11:1876–1886.

46. Yang J, Webb AR, Pickerill SJ, Hageman G, Ameer GA. Synthesis

and evaluation of poly(diol citrate) biodegradable elastomers. Bio-

materials 2006;27:1889–1898.

47. Motlagh D, Yang J, Lui KY, Webb AR, Ameer GA. Hemocompati-

bility evaluation of poly(glycerol-sebacate) in vitro for vascular tis-

sue engineering. Biomaterials 2006;27:4315–4324.

48. Yang J, Motlagh D, Allen J, Webb AR, Kibbe MR, Aalami O, Kapa-

dia M, Carroll TJ, Ameer GA. Modulating expanded polytetrafluo-

roethylene vascular graft host response via citric acid-based

biodegradable elastomers. Adv Mater 2006;18:1493–1498.

49. Dey J, Xu H, Shen J, Thevenot P, Gondi SR, Nguyen KT, Sumerlin

BS, Tang L, Yang J. Development of biodegradable crosslinked

urethane-doped polyester elastomers. Biomaterials 2008;29:

4637–4649.

50. Huang N, Yang P, Leng YX, Chen JY, Sun H, Wang J, Wang GJ,

Ding PD, Xi TF, Leng Y. Hemocompatibility of titanium oxide

films. Biomaterials 2003;24:2177–2187.

51. Motlagh D, Allen J, Hoshi R, Yang J, Lui KY, Ameer GA. Hemo-

compatibility evaluation of poly(diol citrate) in vitro for vascular

tissue engineering. J Biomed Mater Res A 2007;82:907–916.

52. Weinberg CB, Bell E. A blood vessel model constructed from col-

lagen and cultured vascular cells. Science 1986;231:397–400.

ORIGINAL ARTICLE

JOURNAL OF BIOMEDICAL MATERIALS RESEARCH A | NOV 2010 VOL 95A, ISSUE 2 369



53. Lommen E, Goglewski S, Pennings A, Wildevuur C, Nieuwenhuis

P. Development of a neo-artery induced by a biodegradable poly-

meric vascular prosthesis. ASAIO J 1983;29:255–259.

54. Nerem R. Tissue engineering a blood vessel substitute: The role

of biomechanics. Yonsei Med J 2000;21:735–739.

55. Bassiouny HS, White S, Glagov S, Choi E, Giddens DP, Zarins CK.

Anastomotic intimal hyperplasia: Mechanical injury or flow

induced. J Vasc Surg 1992;15:708–716; discussion 716–717.

56. Trubel W, Moritz A, Schima H, Raderer F, Scherer R, Ullrich R,

Losert U, Polterauer P. Compliance and formation of distal anas-

tomotic intimal hyperplasia in Dacron mesh tube constricted

veins used as arterial bypass grafts. ASAIO J 1994;40:

M273–M278.

57. Lemson MS, Tordoir JH, Daemen MJ, Kitslaar PJ. Intimal hyper-

plasia in vascular grafts. Eur J Vasc Endovasc Surg 2000;19:

336–350.

58. He H, Matsuda T. Arterial replacement with compliant hierarchic

hybrid vascular graft: Biomechanical adaptation and failure. Tis-

sue Eng 2002;8:213–224.

59. Tiwari A, Cheng KS, Salacinski H, Hamilton G, Seifalian AM.

Improving the patency of vascular bypass grafts: The role of

suture materials and surgical techniques on reducing anastomotic

compliance mismatch. Eur J Vasc Endovasc Surg 2003;25:

287–295.

60. Greenwald SE, Berry CL. Improving vascular grafts: The impor-

tance of mechanical and haemodynamic properties. J Pathol

2000;190:292–299.

61. Holzapfel GA, Sommer G, Gasser CT, Regitnig P. Determination

of layer-specific mechanical properties of human coronary

arteries with nonatherosclerotic intimal thickening and related

constitutive modeling. Am J Physiol Heart Circ Physiol 2005;289:

H2048–H2058.

62. Laurent S, Girerd X, Mourad JJ, Lacolley P, Beck L, Boutouyrie P,

Mignot JP, Safar M. Elastic modulus of the radial artery wall ma-

terial is not increased in patients with essential hypertension.

Arterioscl Thromb Vasc 1994;14:1223.

63. Konig G, McAllister TN, Dusserre N, Garrido SA, Iyican C, Marini

A, Fiorillo A, Avila H, Wystrychowski W, Zagalski K, Maruszewski

M, Jones AL, Cierpka L, de la Fuente LM, L’Heureux N. Mechani-

cal properties of completely autologous human tissue engineered

blood vessels compared to human saphenous vein and mam-

mary artery. Biomaterials 2009;30:1542–1550.

64. L’Heureux N, Dusserre N, Konig G, Victor B, Keire P, Wight TN,

Chronos NA, Kyles AE, Gregory CR, Hoyt G, Robbins RC, McAllis-

ter TN. Human tissue-engineered blood vessels for adult arterial

revascularization. Nat Med 2006;12:361–365.

65. Tang L, Ugarova TP, Plow EF, Eaton JW. Molecular determinants

of acute inflammatory responses to biomaterials. J Clin Invest

1996;97:1329–1334.

66. Muller WA. Leukocyte-endothelial-cell interactions in leukocyte

transmigration and the inflammatory response. Trends Immunol

2003;24:327–334.

67. Solovjov DA, Pluskota E, Plow EF. Distinct roles for the alpha and

beta subunits in the functions of integrin alphaMbeta2. J Biol

Chem 2005;280:1336–1345.

68. Nguyen KT, Su SH, Sheng A, Wawro D, Schwade ND, Brouse CF,

Greilich PE, Tang L, Eberhart RC. In vitro hemocompatibility stud-

ies of drug-loaded poly-(L-lactic acid) fibers. Biomaterials 2003;24:

5191–5201.

69. Suska F, Esposito M, Gretzer C, Kalltorp M, Tengvall P, Thomsen

P. IL-1alpha. IL-1beta and TNF-alpha secretion during in vivo/ex

vivo cellular interactions with titanium and copper. Biomaterials

2003;24:461–468.

70. DeFife KM, Yun JK, Azeez A, Stack S, Ishihara K, Nakabayashi N,

Colton E, Anderson JM. Adhesion and cytokine production by

monocytes on poly(2-methacryloyloxyethyl phosphorylcholine-co-

alkyl methacrylate)-coated polymers. J Biomed Mater Res 1995;

29:431–439.

71. Fischer D, Li Y, Ahlemeyer B, Krieglstein J, Kissel T. In vitro cyto-

toxicity testing of polycations: Influence of polymer structure on

cell viability and hemolysis. Biomaterials 2003;24:1121–1131.

370 DEY ET AL. CROSSLINKED URETHANE DOPED POLYESTER BIPHASIC SCAFFOLDS


